O ptical methods played an important role in ocular diagnostics ever since the introduction of the ophthalmoscope by Hermann von Helmholtz in 1850/1851. In the following 140 years, several other important optics-based instruments were introduced for ocular diagnostics and imaging, like the slit lamp biomicroscope, the Scheimpflug camera, fundus photography, or the scanning laser ophthalmoscope. However, it was not until the introduction of optical coherence tomography (OCT) in 1991 1 that three-dimensional (3D) imaging with micron scale resolution became available, enabling a contact-free, noninvasive ''in vivo biopsy'' that truly revolutionized ocular diagnostics.
Although the term ''optical coherence tomography'' was introduced in 1991, the history of this technology is older. Its predecessor and basic ranging technology, partial (or low) coherence interferometry (PCI or LCI) was first applied to turbid media in the 1970s 2 and, after dormancy of several years, was re-introduced by Fercher and coworkers [3] [4] [5] for the purposes of tissue interferometry and ocular biometry. Partial coherence interferometry found two applications in ophthalmic diagnostics that, over time, revolutionized their fields: highprecision ocular biometry largely replaced the previous ultrasound biometry for applications in cataract surgery, and OCT, in the modified form of Fourier (or spectral) domain (FD or SD) OCT, is now indispensable for retinal diagnostics. Partial coherence interferometry biometry and FD OCT are nowadays the gold standards in their respective fields, with tens of thousands of instruments installed worldwide. Although many research groups are nowadays working in these fields, thousands of scientific papers using these technologies are published each year, and millions of PCI and OCT scans are performed in ophthalmic offices and clinics per year, only a few research groups contributed to the early developments. One of into a transverse scan yielding cross-sectional images, or Bscans, of the sample. Ultrasonography uses sound waves that are transmitted from a transducer into the sample to perform the A-scan; the delay of waves reflected back to the transducer yields the depth position of reflecting sample sites. In optics, due to the high speed of light, delay times cannot be directly measured; instead, interferometric techniques are used. Hence, a prerequisite for OCT and interferometric imaging is an interferogram.
Early biomedical interferograms have been demonstrated by Fercher et al. 6 A long-coherence Helium-Neon laser beam was directed at the pupil of a subject's eye. The beam was reflected at the cornea and at the ocular fundus, giving rise to an interferogram consisting of concentric interference fringes (Fig. 1) . These interferogram fringes pulsate with the subject's heartbeat.
This interference phenomenon offered two basic measurement methods; both techniques require an illuminating beam of high spatial coherence:
(a) Using a beam of high temporal coherence enabled the measurement of distance variations between cornea and retina. This provides access to blood pulseinduced dilatations of ocular tissues 7 and enabled research on ocular blood flow in diseases like glaucoma and diabetic retinopathy. 8,9 (b) Using a sampling beam of low temporal coherence enabled the measurement of distances between lightreflecting sites, for example the axial length of the eye (see details below). 4, 10 The requirements for light sources used for the latter application (for PCI and OCT) are a high spatial coherence (i.e., transversal monomode, Gaussian beam profile) and a very low temporal coherence (broad emission bandwidth, ideally with a Gaussian spectral shape). These requirements were difficult to meet in the early times. The early experiments up to approximately 1985 were performed with dye lasers; later, multimode semiconductor lasers were used. These light sources suffered from problems like beam instabilities (dye lasers) and low spectral bandwidth (multimode diodes). Progress in laser technology (Ti:Al 2 O 3 lasers, superluminescent diodes [SLDs]) improved the situation.
The first measurement of an intraocular distance by PCI was the measurement of the axial eye length, from the corneal apex to the fundus of the eye. A dual-beam illumination scheme was used. 4, 10 Figure 2A depicts the basic optical dual-beam scheme: An external Michelson interferometer splits a beam of short coherence length into two components with a temporal delay, indicated as wavelets WL 1 and WL 2, illuminating the eye along a coaxial path. If the Michelson arm length difference A equals the (optical) eye length (L), wavelets WL 1 0 and WL 2 0 , reflected at fundus and cornea, respectively, travel the same total path length and will overlap at the exit of the beam splitter in front of the eye and generate an interferogram at the observation plane (or photodetector). The presence of the interferogram indicates the path length match within the coherence length. Hence, the easily measurable arm length difference (A) of the Michelson interferometer provides the eye length (L).
Advantages of the dual-beam technology for eye length measurement are that it requires only one interferometric measurement to identify path length matching, and it is insensitive to small axial eye movements. Hence, it is still in use for measurements of larger distances (eye length for cataract surgery). Disadvantages are its complex interferogram, the need for additional components, and lower sensitivity. With the availability of high-speed path length scanning techniques, the reflectometer technology, 11 where the sample is directly placed in one of the interferometer arms, became feasible for rapid OCT imaging of shallow structures like the retina (cf. Fig. 2B ).
ELECTRONIC DETECTION VIA HETERODYNE PCI: INTRODUCTION OF A-SCANS
The detection of the interference phenomenon between beams reflected at the cornea and the ocular fundus and its use for measuring the eye length can be regarded as the foundation of ocular biometry by PCI and as an important step toward OCT. However, the first experiments still suffered from drawbacks that prevented their application in real clinical situations: the laborious procedure of measurement and the rather low sensitivity.
The operator had to shift interferometer plates in tiny steps over a distance of several millimeters. At each step, the operator had to look for an interference pattern of low contrast. This took approximately 15 minutes for a single measurement, too slow to be practical in patients. Although sensitivity measurements according to present standards were not carried out, the fact that fringes were visible only for the strongest reflecting layer (photoreceptor/Bruch's membrane complex) allows an estimation of the sensitivity of approximately 50 to 60 dB.
To improve speed and sensitivity, the method was modified: instead of looking for static fringes, a dynamic approach based on the heterodyne detection principle was used. 5, 12 The light emitted by a multimode laser diode (MMLD) was split by a Fabry-Perot interferometer into a direct and a delayed beam (path difference 2d, cf. Fig. 3 ). Both beams were reflected at cornea and retina and superimposed on a photodetector. One of the interferometer plates was moved with constant speed v, causing a Doppler shift f D ¼ 2v/k (k ¼ 780 nm, center wavelength of MMLD) of beam 2. In case of path length matching, an interference signal is observed at the Doppler frequency, which can be extracted by a band pass filter. Thereby, the signal is shifted into a regime in which the lowfrequency 1/f noise can be neglected, and the band pass filter greatly reduces other noise. This technique is now known as (time-domain) optical A-scan technique and is the basic ranging technique of time-domain (TD) OCT. (Notes: ''Time domain'' indicates that the movement of the reference mirror is translated into a time-dependent interferogram; and the use of an MMLD and the extraction of the signal at the Doppler frequency led to the term ''laser Doppler interferometry'' [LDI], which, however, does not include information on the use of a short-coherence laser and was, therefore, later abandoned.)
The use of the heterodyne principle reduced the time to measure the eye length into the seconds regime and improved the sensitivity to approximately 75 to 80 dB. For imaging of shorter distances (e.g., for retinal OCT), the complex dualbeam approach with its losses due to the use of the corneal reflection as a reference was not required. Instead, the sample could be directly placed in one arm of a Michelson interferometer (cf. Fig. 2B ), 1 which provided a further increase of sensitivity. 13 Figure 4 shows an A-scan obtained with the first dual-beam heterodyne PCI instrument in a healthy eye in vivo. 5 The signal peak corresponds to an optical length of 33.55 mm. A division by the group refractive index of the ocular media yields the geometric length of 24.78 mm.
After successful demonstration of eye length measurements in healthy subjects, a prospective trial in 196 cataract eyes of 100 patients was carried out, 14 where PCI was compared with ultrasound measurements. A total of 177 (90.5%) of the 196 eyes were measurable by PCI. Figure 5 shows the result of axial eye lengths measured by PCI versus applanation ultrasound ( Fig. 5A ) and immersion ultrasound ( Fig. 5B ). An excellent correlation between eye lengths was found (r ¼ 0.97 and 0.99, respectively). Although the axial resolution of this early PCI instrument was limited to approximately 100 lm (by the low bandwidth of the MMLD), the repeatability (SD) of the geometric eye length was much better: 19 lm on average in the cataract eyes, approximately an order of magnitude better than the 150 to 200 lm that had been reported in literature for ultrasound measurements. 15, 16 In conjunction with the higher convenience for the patient (no contact or anesthesia needed), this provided the basis for the commercial success of this technology for ocular biometry in cataract surgery (e.g., Carl Zeiss IOL Master;
Carl Zeiss Meditec, Jena, Germany), where PCI nearly completely replaced ultrasound-based measurements.
In a further step, the resolution was improved to approximately 15 lm by replacing the MMLD by a broadband SLD, providing a precision in the micron range for corneal and anterior chamber measurements. [17] [18] [19] 
FROM A-SCAN TO B-SCAN
Although the initial aim of PCI biometry was the measurement of just a single distance, the axial eye length, it soon became clear that the technology provides more information on ocular tissues. This was already demonstrated in 1990 20 and in the first article on heterodyne PCI. 5 Under certain conditions, two signal peaks were visible whose distance equals the retinal thickness (cf. Fig. 6A ). Due to the limited sensitivity of the dualbeam PCI technique, the first peak, corresponding to the inner limiting membrane (ILM), was visible only at proper orientation of the retina (specular reflection from ILM).
To analyze the surface contour of the ocular fundus, measurements at different incident angles to the vision axis were carried out, providing fundus profiles. Figure 6B shows an example. Here, as a step toward reassembling full A-scans to generate OCT tomograms, we reassembled signal peaks from Huang et al. 1 were the first to convert the signal intensities recorded at adjacent A-scan positions into gray or false color values and to mount the signals to form a cross-sectional tomogram: the first B-scan, recorded in a human retina in vitro. In their seminal paper, Huang et al. 1 also introduced the term ''optical coherence tomography'' for this technology.
Because scanning speeds were slow at that time (approximately 1.5 mm/s), we decided to use the dual-beam technique for our first in vivo demonstrations of OCT imaging, as this technique is insensitive to axial sample motions. Figure 7 shows our first in vivo OCT image of a human retina. 21 Due to the slow scanning speed, we recorded only 21 A-scans for the B-scan. This limited the transverse resolution to approximately 160 lm. Nevertheless, structural details like the retinal thickness, optic disk excavation, and lamina cribrosa are visible. In parallel work, the MIT group demonstrated in vivo retinal OCT images using the reflectometer configuration where the sample was directly placed in the sample arm. 22, 23 They used a fiberoptic interferometer design in combination with an x-y scanner and a higher scanning speed (160 mm/s), which reduced the imaging time of a single B-scan (consisting of 100 A-scans) to 2.4 seconds, useful for 2D clinical imaging and enabling commercialization by Carl Zeiss Meditec (Dublin, CA, USA).
NONINVASIVE HIGH-PRECISION OPTICAL BIOMETRY OF THE HUMAN EYE

High-Precision Optical Biometry of the Anterior Eye Segment
The first clinically viable instrument enabled fast, noninvasive high-resolution (10 lm) measurements of corneal and lens thickness as well as anterior chamber depth with unique Fig. 8A ), 24 ,25 more than one order of magnitude better than that of state-of-the-art ultrasound and optical techniques. Corneal thickness could be determined with submicrometer precision, 26 enabling the investigation of the effect of viscoelastic material during phacoemulsification, 27 dorzolamide, 28 and small-incision cataract surgery 29 on corneal thickness.
High-Precision Optical Biometry During Accommodation and IOP Changes
Dual-beam PCI biometry also enabled a careful investigation of the mechanism of human accommodation by precise determination of the anterior chamber depth, thickness of crystalline lens, their changes during accommodation (cf. Fig. 8A ) and the movement of the anterior and posterior lens pole (cf. Fig. 8B ). 30 Another study demonstrated that pilocarpine acts ''physiologically'' in young phakic subjects, but is a ''superstimulus'' in presbyopic phakic subjects. 31 Furthermore, the investigation of implantable contact lens (ICL) dynamics during accommodation revealed that under photopic conditions, with constriction of the pupil, the distance between the ICL and the crystalline lens was significantly reduced, which might be one of the causes of subcapsular opacification in some of the eyes with ICLs. 32 For the first time, eye elongation during accommodation in emmetropes and myopes was demonstrated (cf. Figs. 8C, 8D). 33 Exaggerated longitudinal eye growth is assumed to play an important role in the development of myopia. Therefore, it is noteworthy that all investigated eyes elongated during accommodation (cf. Fig. 8D ), being more pronounced in emmetropes than in myopes. In a similar study using PCI biometry, axial eye length increase and decrease due to IOP elevation and reduction could be detected. 34 
High-Precision Optical Biometry in Pseudophakic Eyes and Pseudo-accommodation
Partial coherence interferometry biometry also had significant impact in pseudophakic eyes, enabling the measurement of the postoperative anterior chamber depth, a hallmark for cataract surgery's IOL power calculation formulae, with high precision (<5 lm) and high resolution (10-12 microns), more than a factor 20 better than conventional ultrasound (cf. Fig. 9A , bottom). For the first time, positive posterior lens capsule to IOL distances (lens capsule distance [LCD]), a possible risk factor for posterior capsule opacification, could be detected and quantified. 35 As a consequence, numerous novel IOL designs were extensively investigated with this technique in terms of postoperative anterior chamber depth as well as LCD. 36 In addition to the exact static postoperative IOL position, PCI biometry could also successfully quantify any IOL dynamics (e.g., before and after Nd:YAG capsulotomy). 37 Several IOL designs emerged, promising pseudo-accommodation for pseudophakic patients enabled by ciliary muscleinduced movements of IOLs. Hence, stimulus-driven as well as pharmacologically induced IOL movements of several designs have been investigated with PCI biometry. 38 The overall conclusion of numerous investigated pseudo-accommodating IOLs was that on average not even pilocarpine was able to induce a forward movement to result in a refractive change of 0.5 diopters.
High-Precision Biometry in Cataract Surgery
The most significant clinical impact of PCI biometry was in the field of cataract surgery (cf. Fig. 9A, top) . Early studies already demonstrated that PCI was more than 10 times more precise than applanation ultrasound, the gold standard at this time (cf. Fig. 9B ). 39, 40 This resulted in a possible mean absolute error for postoperative refraction achieved with PCI biometry of 0.49 diopters, resulting in an improvement of 27% (cf. Fig. 9C ). Partial coherence interferometry biometry applied to several widely used IOL power formulae yielded significantly better IOL power prediction and therefore refractive outcome in cataract surgery than ultrasound biometry. Further improvement could be achieved by applying PCI to a modified SRK/T formula that predicts the postoperative ACD using PCI biometry data (cf. Fig. 9D ). 41 Additional convincing studies investigating the impact of operator experience 42 on the performance of optical biometry resulted in first commercial prototypes for anterior eye segment 43 and axial eye length biometry. 44 Today this optical biometry based on dual-beam PCI has become the gold standard for biometry in cataract surgery, the most frequently performed ophthalmic surgery.
ULTRAHIGH-RESOLUTION OCT
In OCT, transverse resolution as well as depth of focus are governed by the focal spot size, whereas the axial resolution is mainly governed by the product of coherence gating and confocal gating. In low numerical aperture situations, as in retinal imaging, coherence gating dominates, the width of the coherence gate is inversely proportional to the light source bandwidth. 45 Based on the relationship between source bandwidth and axial resolution, ultrahigh-resolution (UHR) OCT was developed. [46] [47] [48] [49] By combining a state-of-the-art TiAl 2 O 3 laser that generated pulses of less than 5.5 fs duration (corresponding to a bandwidth of >350 nm at 800 nm center wavelength) with an OCT system optimized to support 260-nm optical bandwidth, an axial resolution of 2 to 3 lm was achieved. This was the highest in vivo ophthalmic resolution at that time, enabling a noticeably superior visualization of all major intraretinal layers 50 (cf. Figs. 10A, 10B ). This first UHR OCT work was accomplished when one of the authors (WD) was at Massachusetts Institute of Technology.
It is noteworthy that the labeling of the intraretinal layers in Figure 2 of Reference 50 is, according to state-of-the-art knowledge, incorrect in the RPE complex. This was due to limited experience in in vivo retinal visualization with this high axial resolution at that time. As a consequence, ex vivo pig (cf. Fig. 10C ) and monkey retinal specimens were acquired to correlate UHR OCT images with histology and to provide a basis for improved interpretation of in vivo ophthalmic OCT tomograms of high clinical relevance. 51 In a next step, a compact, clinically viable ultrahigh-resolution (3 lm) ophthalmic OCT system had been developed and used in clinical imaging (cf. Fig. 10D ) for the first time. 52 In this study, a compact, robust, commercially available TiAl 2 O 3 laser (Com- pact Pro; FEMTOLASERS, Vienna, Austria) with up to a 165-nm bandwidth was used in combination with the commercially available OCT 1 system (Carl Zeiss Meditec). Optical coherence tomography imaging was performed with axial scan rates up to 250 Hz using up to 800 lW of incident power in more than 250 eyes of 160 patients with different macular diseases (cf. Fig. 10D ). Numerous successful clinical 2D UHR OCT studies on patients with different retinal pathologies followed. 53, 54 Because this approach was based on time-domain OCT, only 2D UHR retinal imaging was possible. Since then, ultrahigh axial OCT resolution 5 lm became ophthalmic standard.
DEEP-PENETRATION OCT
Time-domain OCT and the first generation of FD OCT systems operate at a central wavelength of approximately 800 nm. Although 800-nm OCT systems can resolve all major intraretinal layers, they enable only limited penetration beyond the retina due to strong absorption and scattering in the melaninrich RPE. Furthermore, in clinical OCT imaging, cataract represents a significant challenge when imaging the retina. Optical coherence tomography imaging at different wave-lengths can be used to enhance tissue contrast and penetration, as well as to measure absorbing or scattering properties of various pigments and structures. In the 600-to 1200-nm region, scattering decreases monotonically with increasing wavelength. For that reason, OCT imaging at 1050 to 1060 nm can deliver deeper tissue penetration beneath the RPE into the choroid.
Although the use of a light source at a wavelength of approximately 1100 nm was already suggested in 1991, 5 it took more than a decade until first in vitro retinal OCT of pig retinas demonstrated enhanced penetration into the choroid. 55 First in vivo time domain OCT at 1040 nm in healthy human subjects were presented in 2005. 56 With improved InGaAs line cameras, 1060-nm spectral domain OCT was demonstrated in patients, also demonstrating superior performance in cataract patients. 57 Further developments included increased scanning speed enabling wide-field 1060-nm OCT, 58 automated choroidal thickness segmentation 59 for 3D thickness mapping (similar to retinal thickness mapping), 60 automated choroidal vessel segmentation 61 for differentiating between Haller's and Sattler's layer of the choroid, as well as simultaneous dualwavelength eye-tracked UHR retinal and choroidal OCT 62 (cf. Fig. 11 ). In numerous clinical 3D 1060-nm OCT studies, the impairment of the choroid in various retinal pathologies could successful be demonstrated. 63, 64 Based on these results and those of other groups, there is an increasing trend of developing commercial OCT systems at 1060 nm.
FOURIER-DOMAIN OCT
The introduction of FD OCT marked a major technology advance in OCT, establishing the basis for all modern OCT systems today, as well as for important functional extensions such as OCT angiography.
The technology of recording an interference pattern as function of optical frequency was already known as white light interferometry. 65, 66 Central to the technique is the recording of the spectral interference pattern as a function of optical frequency with a spectrometer. First application to biological tissue (corneal thickness measurement) was presented by Fercher et al. in 1995, 67 calling it spectral interferometry (Fig.  12 ). In 1998, Häusler and Lindner 68 presented first tomograms of skin using the name ''spectral radar.'' Alternatively, the pattern can be recorded as a function of time using wavelength tuning sources. This method was known earlier as optical frequency domain reflectometry (OFDR). 69 First imaging results were shown by Chinn et al. in 1997. 70 In the same year, Lexer et al. 71 demonstrated first in vivo ocular biometry results (Fig. 13) .
Interestingly, before retinal tomograms were recorded by FD OCT, already functional FD OCT extensions were demon-strated, such as spectroscopic FD OCT on technical samples, 72 polarization-sensitive FD OCT on skin, 73 and Doppler FD OCT already at 15 kHz A-scan rate. 74 Finally in 2002, as a result of collaboration between Nicolaus Copernicus University, Torun, and of the University of Vienna, the first in vivo retinal images obtained with FD OCT were presented 75 (cf. Fig. 14) . Those results were surprising: to avoid signal fringe washout by eye motions, very short integration times of 1 ms or less were used, a speed that had been thought to yield unacceptably low sensitivity, based on TD OCT experience and theory. These results led to a careful analysis of signal, noise, and sensitivity in FD OCT. In 2003, Leitgeb et al. 76 and de Boer et al. 77 demonstrated that FD OCT has a huge sensitivity advantage over TD OCT. These authors gave a full theoretical description of this advantage with experimental proof. Choma et al. 78 in the same year demonstrated that the sensitivity advantage holds also for swept source (SS)-based FD OCT. This advantage in sensitivity translated immediately to an improvement in imaging speed without compromising image quality. In 2003, Wojtkowski et al. 79 showed for the first time video rate retinal tomograms at a 15-kHz A-scan rate and in 2004 already 30 kHz had been achieved by Nassif et al. 80 for retinal imaging with a system that came closest to modern retinal FD OCT scanners. A year later, the first clinical images were presented with ultrahigh-resolution FD OCT operating at 30 kHz 81 (Fig. 15 ). Complementary metal oxide semiconductor (CMOS) sensor technology ultimately enabled trespassing of the 100-kHz A- scan rate boundary enabling for imaging rates of several volumes per second. 82, 83 In FD OCT, the depth structure is encoded by the spectral interference pattern. Fourier transform of the spectrum translates the fringe frequency into a peak position along the delay/depth coordinate being the A-scan. The delay might, however, be positive or negative, depending on the relative position between sample interface and fixed reference arm mirror. This ambiguity leads to mirror image terms that can be suppressed by halving the usable depth range in FD OCT. A first approach to overcome this limitation was demonstrated by Fercher et al. 84 It is based on phase-stepping interferometry, allowing recording the complex valued interference pattern. Fourier transform of the complex data suppresses the mirror terms and exploits the full nominal depth range of FD OCT, coining the term full-range FD OCT. 85, 86 Different phase shifting and modulation techniques have been used with different unique advantages. [87] [88] [89] [90] A simple and elegant phasemodulation technique is based on offsetting the sample beam on the galvo-mirror. 91, 92 Alternatively, one can exploit the signal dispersion properties that are differently affecting structure and mirror terms. 93 Current A-scan speed records are set by the alternative FD OCT method of using wavelength tuning. The sources typically operate above 1 lm center wavelength, with 1050-nm apt for human retinal imaging (see the section Deep-Penetration OCT). Several high-speed SS technologies have been introduced so far, capable of reaching 100-kHz A-scan rate and more. 94 Impressive multi-MHz A-scan rate for retinal imaging has been achieved with a source based on the principle of FD mode locking. 95 In particular, functional OCT extensions such as OCT angiography benefit from the high-speed capabilities. 96 
RECENT DEVELOPMENTS AND OUTLOOK
In this final section, we describe recent developments in the field of OCT by our group that are not yet industry standard but have the potential to set standards for the future. It should be mentioned and acknowledged again that several other groups are working on similar and related developments that are not covered here because of space restrictions.
Adaptive-Optics OCT
Although UHR OCT improved the depth resolution down to 2 to 3 lm, the transverse resolution of retinal OCT systems was still limited to approximately 20 lm by the aberrations of ocular media. To overcome this limit, adaptive optics (AO), a technique first used in astronomy, was combined with retinal imaging, first for 2D imaging in an AO flood illumination fundus camera, 97 and later for 3D imaging as AO OCT. 98, 99 With this technology, the deformed wave front emerging from the eye is measured by a wave front sensor, analyzed, and corrected by a deformable mirror. The correction of individual aberrations of the investigated eye, including chromatic aberration (pancorrection), 100 finally enabled in vivo cellular resolution of cone photoreceptors and RPE cells in the human retina. 101 An alternative version of the technology using a transverse scanning scheme 102 in combination with a lensbased AO OCT scan engine provided 3D visualization of the most densely packed cone photoreceptors in the fovea centralis and of the very narrow rod photoreceptors. 103 It should be mentioned that these AO OCT systems are still rather bulky and complicated to use. Therefore, their use is presently restricted to a few research laboratories and selected compliant patients.
Further Improvement of Imaging Speed: Parallel OCT
Ultrahigh-speed SS OCT enables wide-field ophthalmic imaging with multi-MHz A-scans per second. 104 Cost-effective data acquisition and SS technology are still a challenge for clinical use, though.
Parallel OCT, on the other hand, illuminates the tissue with either a line or over a full area, where each lateral pixel records the depth structure. This intrinsically yields high imaging speed at reduced complexity. Line-field (LF) FD OCT, first demonstrated by Zuluaga and Richards-Kortum, 105 images a line along the sample onto a 2D sensor after being dispersed into its wavelength components. A full tomogram can therefore be recorded with a single camera shot as shown by Grajciar et al. 106 and Nakamura et al. 107 for in vivo ocular imaging. Spectrometer-based FD OCT, however, suffers from sensitivity roll-off and pixel cross-talk. Swept-source OCT, on the other hand, samples the spectral data separated in time, significantly reducing those artifacts. Bonin et al. 108, 109 demonstrated multi-MHz A-scan rate for full-field SS OCT with an expensive high-speed 2D camera. Fechtig et al. 110, 111 showed retinal LF SS OCT with off-shelve camera technology at up to 1-MHz A-scan rate. A particular advantage of parallel OCT is the exceptional lateral phase stability, enabling digital refocusing and aberration correction. 112, 113 Doppler OCT and OCT Angiography
The main shortcoming of OCT based on backscattering alone is its missing specificity to biological structures of interest. Functional extensions allow partially mitigating this deficiency by providing label-free intrinsic tissue contrast. Doppler OCT (DOCT), as one of the most promising functional OCT candidates, 114 should provide depth-resolved quantitative information on blood flow and thereby generate angiographic maps. First implementations of DOCT were based on TD OCT and showed potential to contrast and quantify blood flow within selected tissue vessels. [115] [116] [117] However, TD OCT was too slow to assess retinal vasculature over a large range of vessels and was limited in field of view. 118 This changed with the introduction of FD OCT that brought a strong impetus for DOCT. 83, [119] [120] [121] [122] [123] Dynamic DOCT could resolve pulsatile flow in a reliable quantitative manner and without prior knowledge on vessel geometry, based on multibeam [124] [125] [126] [127] [128] or volumeacquisition schemes. [129] [130] [131] The high acquisition speed allowed furthermore for novel flexible scanning schemes to obtain 3D angiographic maps without compromising overall imaging time. 132, 133 Modern OCT angiography displays signal differences between successive tomograms, being thereby sensitive to motion of red blood cells, and achieves high microvascular contrast down to the level of smallest capillaries. 96, [132] [133] [134] [135] [136] [137] [138] [139] [140] [141] Polarization-Sensitive OCT Conventional OCT measures the intensity of backscattered light; however, some tissues show only poor intensity contrast. By measuring the light's polarization state, additional intrinsic, tissue-specific contrast can be generated. Polarization sensitive (PS) OCT is based on PS PCI 142 and was first reported by de Boer et al. 143 for skin imaging. Quantities measured by early time-domain PS OCT were retardation 143 and axis orientation 144 of birefringent skin and muscle, first applications in the human eye measured retardation of the retinal nerve fiber layer 145 (useful for glaucoma diagnostics) and of cornea 146 (e.g., for keratoconus diagnostics). The first high-speed FD PS OCT retinal scanner was developed by Götzinger et al. in 2005. 147 Other groups developed similar systems based on somewhat different technology (cf., e.g., Refs. 148, 149). One of the most important developments in this field was the discovery of light depolarization by the RPE, 150 which can be used to segment the RPE. 151 This effect was used to segment lesions of the RPE, 152 which is of considerable interest for quantifying drusen 153 and geographic atrophy 154 in patients with AMD. A comprehensive overview of PS OCT in the eye can be found in a recent review. 155 
